We have fabricated miniature implantable fluorescence sensors for continuous fluorescence sensing applications in living subjects. These monolithically integrated GaAs-based sensors incorporate a 675nm verticalcavity surface-emitting laser (VCSEL), a GaAs PIN photodiode, and a fluorescence emission filter. We demonstrate high detection sensitivity for Cy5.5 far-red dye (50 nanoMolar) in living tissue, limited by the intrinsic background autofluorescence. These low cost, sensitive and scalable sensors are promising for long-term continuous monitoring of molecular dynamics for biomedical studies in freely moving animals. Jung, and M. J. Schnitzer, "High-speed, miniaturized fluorescence microscopy in freely moving mice," Nat. Methods 5(11), 935-938 (2008). 15.
Introduction
Molecular imaging is an established technique used to visualize and quantify functional information about biological processes in living systems. As opposed to imaging modalities which mainly provide structural information about subjects, molecular imaging uses functional markers/probes to illuminate specific cellular and sub-cellular pathways and interactions [1] . This information can lead to a greater understanding of biochemistry and pathophysiology at a molecular level, as well as assist in the assessment of new therapeutic targets and development of new therapies-all in living systems. In vivo fluorescence imaging, in particular, is a molecular imaging technique capable of quantitatively imaging one or more fluorophores at high spatial and temporal resolution with high sensitivity, either at microscopic or macroscopic (whole-body) scales. It has been successfully used, for example, in drug discovery and therapeutic evaluation [2] , in studying development and treatment of cancer, in tracking stem cell growth and proliferation in small animals, and is an emerging technique for use in humans [3] . Furthermore, fluorescence imaging can be used to visualize multiple pathways simultaneously through the use of multiple probes, and combined with other imaging modalities to co-register morphological details [4] .
While current fluorescent imaging technologies have led to key advances in the understanding of biology and biochemistry, there are limitations. Currently available fluorescence imagers generally use either cooled-CCD cameras or large photomultiplier tubes to sense weak fluorescence emission associated with these experiments. These instruments typically take snapshots, sampling discrete points of continuous, dynamic processes. The animal subject must be physically brought to the instrument periodically for imaging (usually under anesthesia to prevent movement during the imaging). Data cannot be collected continuously for greater than a few hours due to either the anesthesia, or simply the need to attend to the animal's basic needs (food, water, etc.). These large-format imagers also require extra space to support cooling of the detector (necessary for low-noise sensitive operation), a broadband excitation light source, and use optical filters to select an excitation spectral band. One possibility is that miniaturization of the components of the optical imaging system would allow expansion of new approaches to, and applications of in vivo molecular imaging.
Miniature fluorescence sensors (with single or multiple pixel architecture) can be fabricated to match a particular fluorescent probe or a set of probes utilizing semiconductor processing technology and appropriate materials. These sensors are small enough to be implanted in small animals (e.g. rodents) and combined with a wireless telemetry system, enable continuous molecular monitoring in freely-moving animal subjects. Indeed several miniature fluorescence sensing systems have already been developed, but mainly for lab-on-achip or microfluidic-based applications [5] [6] [7] [8] [9] [10] [11] [12] . These sensors incorporate a light source, such as an LED or a laser, with a nearby photodetector and a fluorescence emission filter. However, there has been limited effort to design or apply these sensors for in vivo applications [13] . Another approach is to use optical fibers and external light sources to sense fluorescence in vivo [14, 15] for continuous imaging; however these systems are not completely miniaturized and require the animal to be tethered.
In this work we present the design and fabrication of a monolithically integrated semiconductor (GaAs-based) sensor for far-red to near infrared (NIR) in vivo fluorescence sensing. The sensor incorporates three basic components of a fluorescence system, including: a 675nm vertical-cavity surface-emitting laser (VCSEL) excitation source, a GaAs PIN photodiode, and a fluorescence emission filter. Monolithic integration is important because all components of the device are fabricated using a semiconductor process flow from a single wafer, patterned using photolithography techniques, which allows for arbitrary arrangement of sources and detectors at separation distances on the order of 100µm [16] at minimal cost. The sensor is sensitive to cyanine 5.5 (Cy5.5; GE Healthcare/Amersham)-based NIR fluorescent probes. The importance of the choice of the fluorescence probe will be discussed shortly.
The paper is organized as follows: in Section 2 we discuss our design considerations for an integrated fluorescence sensor specifically for in vivo applications; Section 3 details the epitaxial design and semiconductor fabrication of the sensor; we present the optoelectronic device characteristics in Section 4; and finally in Section 5 we present the in vitro and in vivo sensitivity of the device to Cy5.5 fluorescence.
Integrated sensor design for in vivo applications
The layout of a single pixel the sensor is pictured in Fig. 1a , and features two 675nm VCSELs (for redundancy), a GaAs PIN photodiode, a fluorescence emission filter, and elements to limit crosstalk between the light sources and detector. The elements are monolithically integrated on a single GaAs substrate; a cross-section of the epitaxial layers is shown in VCSEL technology, developed extensively for the telecommunications industry, is an excellent light source for integrated fluorescence sensing. VCSELs have been commercialized to emit at 670-980nm, 1300nm and longer wavelengths [17] , and can be easily integrated with photodetectors [18] [19] [20] . VCSELs emit light normal to the epitaxial layers of a semiconductor wafer (e.g. upward), and thus are well-suited for use in integrated devices for reflectancebased fluorescence sensing. Compared to LEDs, VCSELs emit at higher intensities, allowing for smaller sensor footprints, simpler fabrication designs, and integration of several light sources. VCSELs also exhibit narrower spectral linewidths-typically a full-width halfmaxima (FWHM) of less than 0.5nm even when operating as transverse multimode lasers. Narrow excitation spectra allow a good match to a desired fluorescent probe's excitation peak, while maximizing the spectral separation from the nearby emission peak for greater spectral filtration and thus improved fluorescence sensitivity.
For maximum tissue penetration in vivo, we prefer excitation and emission in the far-red to NIR spectral regions (650 to 900nm), where tissue (primarily deoxyhemoglobin, oxyhemoglobin, and water) absorption is minimal. Optical scattering and absorption coefficient values in this spectral region allow sensing in tissue depths of several millimeters [21, 22] . Considering the recent development of far-red and NIR fluorescent proteins [23] , we choose excitation at 675nm, with detection of NIR fluorescence emission from 700 to 775nm. This choice makes the sensor suitable for a number of far-red and NIR fluorophores including Cy5.5, which has been synthesized into molecular probes for numerous pre-clinical small animal studies [2, 24] . However, autofluorescence limits Cy5.5 detection sensitivities in vivo to approximately 50nM [25] . This integrated sensor platform is also appropriate for detecting fluorescent probes with near infrared excitation spectra (>780nm), where lower autofluorescence translates into greater sensitivity in vivo.
During in vivo epi-fluorescence imaging studies, the photodetector collects fluorescence light emitted from within the tissue. The emitted fluorescence light experiences strong attenuation primarily due to scattering (µ s~1 0 cm
−1
). Therefore the photodetector must be sensitive to low photon fluxes (~10 8 photons/sec/cm 2 /str, based on 675nm nude mouse autofluorescence values), with several orders of linear detection dynamic range. An integrated GaAs PIN photodiode compares favorably to a silicon-based photodetector because intrinsic material properties reduce the dark current, and therefore noise values, by approximately a factor of 10x [16] , suitable for low noise un-cooled operation. In addition, we implemented a large-area pixel design (detector area ~0.75 mm 2 ) in order to collect photons from an approximate 3 x 3 mm tissue cross-section area with a depth of 1-2mm [26] , which is suited to monitor the growth of a tumor. The sensor and collection optics were evaluated and optimized for light collection back from this large tissue volume (cross-section) using a non sequential ray tracing program (ASAP, Breault Research Organization, Tucson, AZ).
An integrated sensor must incorporate methods to prevent the un-desired excitation light from being absorbed by the photodetector. In this miniature architecture, the excitation source and photodetector are placed in close proximity which contributes to considerable crosstalk. Sensors designed for in vivo applications must furthermore cope with the large quantity of excitation light backscattered by the tissue. This background signal will vary in time because the tissue may move with respect to the sensor due to subject mobility, respiration, or cardiovascular dynamics. This imposes additional challenges compared to in vitro sensing applications where the sample chamber and volume is well-controlled and fixed. Indeed the back-scattered excitation light can be several orders of magnitude higher than the fluorescence emission. Excitation light blocking, in the form of interference-based reflection filters, absorption-based filters, or light-guiding techniques, have been used in integrated fluorescence sensors [27] . Thin-film interference-based filters [12] and some absorption-based filters [5,7,10] deposition techniques, are compatible with the robust processing techniques used to fabricate semiconductor devices. The sensors presented here include a monolithicallyintegrated dielectric-based notch filter, designed and deposited by Chroma Technology, Inc (Bellows Falls, VT) combined with an absorption-based filter. The pixel architecture also includes optical blocking layers to prevent light from leaking around the monolithic filter, or through the sides of the photodetector mesa.
Sensor fabrication

Epitaxial Design
The monolithic integration of the GaAs-based VCSEL/PIN is fabricated from an epitaxial structure which can be designed with either the GaAs detector absorption region (~2µm thick) located above or below the VCSEL layers. This choice is important as it can greatly influence the overall performance of the device, as well as the complexity of the semiconductor device growth and process flow. The primary factors to consider in choosing the location of the detector with respect to the laser epitaxial layers are the quality of the epitaxial layers and the potential optical crosstalk between the laser and the detector. We have previously shown that the detector dark current in GaAs etched-mesa photodiodes is limited by carrier generation due to the surface defect states of the thick intrinsic absorption region, and not due to bulk crystal defects [28, 29] . Therefore, the performance of the detector, specifically dark current, is not expected to be highly dependent on quality of the bulk PIN layer growth. But we do desire a high-quality VCSEL layer structure because of the challenge to achieve lasing in the shorter-wavelength AlGaInP-based VCSELs [30] . Therefore, in this work, the VCSEL epitaxial layers are grown first, followed by a PIN photodetector layer growth, in a single recipe by metallo-organic chemical vapor deposition (MOVCD) technique. Our measurements have confirmed that the GaAs photodetector dark current values were not affected by the presence of the underlying VCSEL structure.
Semiconductor Processing
A schematic of the process flow appears in Fig. 2 . The entire process consists of ten, directcontact photolithography mask steps, which include the fabrication of an oxide-confined VCSEL first, followed by the fabrication of a mesa detector and contact deposition. Fabricating the detector after the VCSEL allows us to achieve extremely low dark current. We do not subject the detector sidewalls to the high-temperature wet oxidation step used to define the oxide aperture of the VCSEL since the detector dark current is determined primarily by the quality of its sidewalls.
The detector epitaxial layers are located above the VCSEL and an initial fabrication step is required to etch away the detector material above the VCSEL. A 100nm-thick Al 0.92 Ga 0.08 As layer is used as an etch-stop layer between the thick intrinsic absorption region and the top VCSEL (and bottom detector) P contact layer. Electron cyclotron resonance-reactive ion etching (ECR-RIE) technique is used to etch away a majority of the detector region above the top VCSEL contact layer, followed by selective wet etches. After ECR-RIE dry etching, a citric acid: 30% H 2 O 2 (12:1) wet etch mixture is used to remove the remainder of the detector active (GaAs) layer. This wet etch process selectively stops on the Al 0.92 Ga 0.08 As layer. A buffered oxide etch solution (6:1 BOE):DI water (1:15) is used to remove the Al 0.92 Ga 0.08 As layer [31] (noticeable by color change -reverting to a mirror-like surface) to completely expose the top P-GaAs VCSEL contact layer. Top side Pt/Ti/Pt/Au P VCSEL metal contacts are defined with a bilayer liftoff process and subsequent metal deposition by electron beam evaporation (Fig. 2b) . All the subsequent contacts are defined and deposited with the same method. The VCSEL mesa is defined and etched via ECR-RIE, passing through the quantum wells (QW) active layer and into the first few pairs of the bottom DBR. The etch depth for the VCSEL mesa is a critical parameter, and will influence the current confinement profile, heating effects, and VCSEL QW temperature. This etch depth was monitored via in situ optical reflectometry. The current/optical aperture is formed by a selective wet oxidation process [32] in a 440C wet oxidation furnace with nitrogen atmosphere. A global back side Au/Ge/Ni/Au N contact is deposited (Fig. 2c) and contacts thermally annealed. At this point, we can test the VCSELs before proceeding to detector fabrication. Detector fabrication begins by evaporating the top Au/Ge/NiAu contact and etching the large detector mesa (Fig. 2d) . In a process similar to the removal of the detector layers from above the VCSEL, a combination of dry and selective wet etch processes is used to etch the detector mesa. The etch process is designed to reach the p-GaAs layer below the detector active region, and use it as a bottom detector contact layer. At the same time, a barrier is created as a "wall" between the laser and the detector mesa structures (Fig. 2d) to further reduce optical crosstalk between these devices. The selective wet etch process described above cleans up the plasma etch damage which affects the detector sidewall quality. After the selective wet etch step, the wafer is immediately transferred into a plasma-enhanced chemical vapor deposition (PECVD) chamber for deposition of a 150-200nm silicon nitride passivation layer on the detector sidewalls. The silicon nitride is patterned with photolithography and a subsequent SF 6 /O 2 plasma etch to retain the layer on the detector sidewalls and a contact pad region (for gold wire bonding) while removing the layer from all other sensor regions. We discuss the effectiveness of the sidewall cleanup and passivation in the next section. The detector fabrication is complete with the deposition of a bottom Pt/Ti/Pt/Au P contact on the same plane used as a VCSEL top P contact layer. At this point, we can test the detector performance by evaluating dark current and light responsivity values before proceeding to finish the integration.
The next series of steps define the electrical contact vias to the VCSEL and detector, as well as provide optical light blocking layer between the two. We modify a process previously described by Thrush et al [20] to create cured 3D photoresist microstructures around the VCSEL and detector mesa structures. The sides of the detector are covered with the cured photoresist and over-coated with a Ti/Au metal layer as an opaque optical blocking layer (Fig.  2e) . Note that for complete isolation of the VCSEL and adjacent detector, it is desirable to etch a deep trench to the GaAs substrate between the VCSEL and detector as we have demonstrated in previous integrated sensor designs [20] .
The final processing step is to deposit the dielectric emission filter that will block backscattered VCSEL light from reaching the top of the detector, yet allow fluorescence light to pass through. The emission filter is patterned on the detector mesa using a bilayer liftoff process [33] (Fig. 2f) , and deposited with electron-beam evaporation. The multilayer dielectric stack filter passes normal-incident fluorescence emission centered at 750nm with a bandwidth of 40nm. The filter is designed to reject at least six orders of magnitude of 675nm excitation light up to an acceptance angle of 30 degrees from normal. Because the emission filter is ~7µm thick, we developed a bilayer liftoff process using thick photoresists for a reliable liftoff of the emission filter film dielectric stack. The bilayer is composed of 7µm thick LOR30B (MicroChem Corp., Newton, MA) liftoff photoresist and 14µm thick AZ9260 photoresist (AZ Electronic Materials USA Corp., Somerville, NJ). Soft baking of the thick LOR layer on a hot plate with a slow temperature ramp (~2 hours) is necessary to prevent the formation of air bubbles.
The completed sensors are diced to include two sensor elements in each package, followed by the mounting of the sensors onto a miniature package, wire bonding to contact pads, and mounting of a collimation lens (NA = 0.55, Thorlabs Inc., Newton, NJ). The lens is antireflective (AR) coated in the NIR to minimize laser back reflection into the detector. In order to mitigate excitation light reaching the photodetector, the sensor package is designed to limit the angular acceptance of tissue-backscattered light. However, reflections from stray isotropic excitation light inside the package (e.g. spontaneous emission from the VCSEL) will be incident on the photodetector at large angles. Light blocking by the monolithically-integrated dielectric emission filter is angle-dependent and mostly transmitting at these high angles. Therefore, the sensors are packaged with an additional external miniature optical emission filter-including both absorption and interference components (hq750/40; Chroma Technology, Inc.)-bonded directly to the photodetector.
Optoelectronic device characterization
VCSEL and photodetector
We have achieved both reasonable laser output and extremely low dark current values in arrays of monolithically integrated sensor devices, using the fabrication steps described above. At room temperature, the VCSEL emits at 675nm (+/− 1nm) with FWHM linewidth <0.2nm while achieving laser power values up to 2.0mW in transverse multi-mode operation (Fig. 3a) . The adjacent photodetector generates less than 5.0pA dark current, when measured at reverse bias values up to 1V with internal quantum efficiencies η QE greater than 75 percent. VCSEL peak-output power values decrease with increasing operation temperature above RT, with lasing ceasing around 40°C. Because the devices are designed for implantable operation, we desire to improve the temperature performance to achieve stable lasing output at body temperatures (~37°C). We believe that a parasitic leakage current is causing additional heating near the VCSEL active region, contributing to the poor performance above 40°C and higher-than-expected 5-6mA laser threshold values. However, this leakage current can be easily reduced by reducing the oxide aperture diameter and/or employing an ion implant step for greater current confinement, a design modification we will employ in the next generation of devices. Other (not integrated) VCSEL devices employing these modifications and processed from the same epitaxy material exhibit the desired thermal performance.
Dark current in the PIN photodetector is dominated by carrier generation at the air/semiconductor interface. We thus employed techniques to clean and passivate the PIN photodetector sidewalls and were successful at reducing the dark current by four orders of magnitude (Fig. 3b) . We prefer to use a plasma dry etch to define the detector layout geometry because a wet etch does not provide the required etch depth uniformity across the etched wafer for reliable stopping on the photodetector (and VCSEL) p-contact layer. However, the plasma-based dry etch process introduces electronic damage to the detector sidewalls in the form of surface defect/generation states. We found it beneficial to use the wet etch to etch-back the sidewalls while simultaneously etching the remainder of the top detector epitaxial layers above the AlGaAs etch-stop layer. The sidewalls are encapsulated in a silicon nitride passivation layer, and the devices show negligible increase in dark current over several months of testing.
Optical filtering
Minimizing the optical crosstalk between the VCSEL and photodetector components is critical for sensitive detection of fluorescence emission. Both stimulated and spontaneous VCSEL emissions contribute to the crosstalk, as summarized in Table 1 . In general, stimulated excitation light will be incident on the top of the detectors, within a controllable angle of incidence (for example, by using an appropriate aperture size). Spontaneous emission For this reason, we believe VCSELs to be superior to LEDs for this integrated sensor application. As mentioned earlier, we employed multiple design elements to mitigate crosstalk, using a thin film interference-based filter to primarily reduce back-reflected and backscattered and an absorption-based filter for blocking high-angle reflections from spontaneous emission. Metal blocking layers prevent light from being absorbed through the exposed sidewalls, and thus detected light must be incident from the filtered top side or through the epitaxial layers underneath.
We designed the nearest detector to each VCSEL pair to operate as an unfiltered reference detector to monitor laser intensity (via tissue backscattering). However, we underestimated crosstalk due to the lateral transmission of spontaneous emission from the VCSEL into the DBR layers below the photodetector. Because of the absence of metal blocking layers between the VCSEL active region and the adjacent detector, a large fraction of spontaneous emission is transmitted into DBR layers below the adjacent photodetector, and then guided towards the intrinsic absorption region of the photodetector. The light in this pathway couples surprisingly well, and we can use this to monitor the VCSEL spontaneous emission directly, from which stimulated output can be deduced [34] . We have not fully explored the utility of a reference-detector, and thus do not discuss those results here. Figure 4 illustrates the effectiveness of the filtering techniques to blocking crosstalk between a VCSEL and the fluorescence photodetector. In these experiments, a 2x1 array of sensor elements are used with the first element reporting on excitation light (and serving as a reference detector), and the second as a fluorescence photodetector. Figure 4a shows the spectral sensitivity of the photodetector at NA = 0.4, overlaid with Cy5.5 emission spectra. Because of the interference filter, this window shifts towards the blue at higher incident angles, and is designed for suitable blocking up to thirty degrees from normal. We quantified the magnitude of excitation leakage through different filter configurations as a function of VCSEL drive current (Fig. 4b) , as packaged for a fluorescence experiment. Compared to an un-filtered detector, the combined interference/absorption filter rejects three orders of leaked excitation light in experimental conditions (using a tissue phantom). Note the large component of crosstalk due to spontaneous emission below laser threshold, where total emitted power is much lower compared to above threshold. Even though total optical emission power increases 100-1000x above threshold, crosstalk increases a mere 10x.
Fluorescence sensitivity
One determination of the performance of the integrated sensor is a measure of the smallest number of fluorescent molecules that can be sensed. We define this as "sensitivity," and such a measure is dependent upon the combined performance of the photodetector, excitation source, and filtering components. We measure the fluorescence sensitivity of the sensor in two conditions: 1) to concentrations of Cy5.5 in vitro under controlled conditions, and 2) to concentrations of Cy5.5 injected subcutaneously in a live, anesthetized nude (Nu/Nu) mouse.
In vitro sensitivity
We determine the in vitro sensitivity of the integrated sensor by measuring the fluorescence emission from aqueous dilutions of Cy5.5 in 100µL volumes. This allows us to determine the linear dynamic range of sensitivity, quantify the noise values, and determine the lowest concentration that can be reliably sensed in vitro. The sensor package, which includes an integrated collimation lens, was fixed below a clear-bottom plastic well (~7mm diameter) (Stripwell 1 x 8, Corning Inc.). Cy5.5-NHS (GE Healthcare/Amersham) was hydrolyzed in PBS to remove the reactive group, stored at −20C, and diluted at appropriate concentrations in PBS. After measuring control samples containing buffer solution without fluorophore, the well is emptied and Cy5.5 solutions are introduced incrementally from low to high concentration. The well is rinsed with buffer solution between consecutive concentrations to verify that the sensor signal returns to the initial background signal recorded during the control measurements. We utilize a lock-in technique to reduce the electrical noise in the system: the VCSEL is powered with a 1mA sinusoidal peak-to-peak current waveform at 23Hz overlaid on a 7mA current offset while the photodetector signal is recorded with a lockin amplifier using a 300ms time constant.
Figure 5 shows that these sensors are able to detect Cy5.5 concentrations as low as 5nM in vitro. Sensor response is linear for over 3 orders of magnitude, limited at the top by dye quenching effects and not by the sensor performance, similar to our previous studies [12, 26, 33] . Concentrations below 5nM cannot be reliably sensed since the detected photocurrent values vary due to changes in backscattered excitation light. Small perturbations in the position of the well containing the dye relative to the sensor as well as the laser output power fluctuations cause variations in the detected control signal on the order of 1 pA-RMS. However, within a measurement, the noise floor is measured to be 0.25 pA-RMS, equal to three standard deviations (3σ) of the mean signal sensed during the control measurements (N = 10). This implies that this sensor could likely detect Cy5.5 concentrations as low as 1nM using a better-controlled sample volume, such as in a microfluidic system. We note that the sensitivity, measured as a concentration (moles/liter) is strongly dependent on the volume illuminated by the VCSEL excitation source, and the sensor collection efficiency from that volume into the detector. A detailed quantitative analysis of these factors is described in our previous work [12, 26] . We specifically targeted a large interrogation volume for in vivo tissue measurements. Greater sensitivity could be achieved by optimizing the collection efficiency of the detector to interrogate a much smaller volume. For our sensing geometry, the illuminated volume in the dye well is determined by the beam width of the VCSEL after the collimation lens (~2mm) and the dye depth (~3mm). This results in an excited dye solution volume of ~10µL, or 50 femtomole of excited dye molecules at the lowest measured sensitivity (5nM). To the best of our knowledge, this concentration sensitivity is comparable to the highest performing integrated fluorescence sensors at other wavelengths [27] .
In vivo sensitivity
The sensitivity of the integrated sensor to in vivo fluorophore is determined by measuring fluorescence emission from subcutaneous injections of Cy5.5 dilutions in the dorsum of live, anesthetized, nude (Nu/Nu) mice. All animal studies were approved by the Institutional Administrative Panel on Laboratory Animal Care. Each mouse is anesthetized using 2-3% isofluorane, and we utilize two sensors in contact with the future injection sites on the left and right dorsum of the mouse to record a background measurement (Fig. 6a) . The mouse then receives a 50µL subcutaneous injection of a Cy5.5 dilution in the right dorsum. The left dorsum is used as a control, with either no injection, or with an injection of buffer solution. The experiment is repeated for varying concentrations, with each concentration measured for at least 2 trials in different mice. Similar to the in vitro experiment, the fluorescence signal is determined by subtracting the background signal (due to backscattering and autofluorescence) from the measured photocurrent after injection. After measuring with the integrated sensor, the mouse is brought to a small animal CCD-based fluorescence imager (IVIS, Caliper Life Sciences, Hopkinton, MA) for comparison. We have verified using time sequential imaging that the detected fluorescence intensity does not change appreciably in the time elapsed between the sensor measurements and CCD imaging steps. with a detection limit of approximately 50nM. Similar to the discussion above for the in vitro sensitivity, and assuming a tissue penetration depth of ~2mm [26] , a concentration of 50nM corresponds to 320 femtomole Cy5.5 dye molecules in the interrogated volume. Minimum detection in vivo is also limited by uncertainty due to background variation. For example, while collecting background data before injection, placement of the sensor in several locations around the control site causes the signal to vary by approximately 3pA-RMS. This higher variability, compared to the in vitro measurement, may be due to both variations in autofluorescence and excitation backscatter. The measurement is validated by comparing the sensor photocurrent to data collected with a CCD-based small animal imaging system. Figure  7a shows the maximum radiance observed from a region of interest enclosing the injection site plotted against the integrated sensor photocurrent. There is excellent correlation over the entire range of Cy5.5 concentrations, validating the performance of the miniature sensor. Figure 7b shows fluorescence images of two animals which have been separately injected with 25nM and 50nM Cy5.5 solutions, collected with a CCD-based small animal imaging system. The image of the 50nM animal shows a maximum radiance at the injection site approximately two times higher than the autofluorescence in the remainder of the animal. There is no contrast between the autofluorescence from the 25nM injection site and other sections of the mouse. The data shows that 675nm nude mouse autofluorescence in the Cy5.5 emission band is at the same magnitude as 25-50nM subcutaneous concentrations of Cy5.5. This agrees well with the 50nM autofluorescence limit reported by Sevick-Muraca and Rasmussen [25] . Importantly, we show that the integrated fluorescence sensor device is not limited by technological constraints, but instead by the autofluorescence of the animal subject in this application. Furthermore, this miniature sensor is designed to enable long-term interrogation of deep tissue by directly implanting it in close proximity to the target. Such a sensor provides the level of sensitivity as the large-format CCD-based fluorescence imagers utilized in numerous applications while providing better temporal resolution and opportunity for long-term continuous recording of fluorescence from freely-moving living subjects.
Conclusion
We have designed and fabricated an implantable, semiconductor-based sensor for in vivo fluorescence sensing in small animals. Similar to devices developed for lab-on-a-chip applications, the sensor is a monolithic integration of the optical components of a fluorescence imager, including a laser source, photodetector, and fluorescence emission filter. We have extended the sensor technology into far-red/visible wavelengths, which enables a commonlyused class of fluorescent probes and emerging fluorescent proteins, and discussed our design choices that optimize the device for sensing in living small animals. The sensor is sensitive to 5nM Cy5.5 in vitro and 50nM in nude mice, limited in vivo by the autofluorescence from the animal tissue, and not by the sensor technology. This miniature sensor thus provides the same sensitivity as large-format fluorescence imagers in this wavelength range. These sensors are promising to provide continuous, real-time molecular sensing that can enhance the basic understanding of molecular processes including tumor growth and drug treatment response all in live animals.
Future work includes implanting the sensor inside a live animal in order to evaluate stability and performance of the device over time periods from several hours to days. We also plan to further miniaturize the sensor package in order to make it less invasive to the animal. Since the present device relies on the electronic readout of a low-level current signal, we are in the process of incorporating components to amplify the sensor signal and thus reduce electrical noise. When completed, we hope to demonstrate real-time, continuous fluorescence sensing in freely-moving rodents.
